In this paper, phase contrast magnetic resonance flow measurements of the foramina of Monro and the aqueduct of Sylvius of seven healthy volunteers are presented. Peak volume flow rates are of the order of 150 mm 3 /s for the aqueduct of Sylvius and for the foramina of Monro. The temporal shift between these volume flows is analyzed with a high-resolution cross-correlation scheme which reveals high subject-specific phase differences. Repeated measurements show the invariability of the phase differences over time for each volunteer. The phase differences as a fraction of one period range from -0.0537 to 0.0820. A mathematical model of the pressure dynamics is presented. The model features one lumped compartment per ventricle. The driving force of the cerebrospinal fluid is modeled through pulsating choroid plexus. The model includes variations of the distribution of the choroid plexus between the ventricles. The proposed model is able to reproduce the measured phase differences with a very small (5%) variation of the distribution of the choroid plexus between the ventricles and, therefore, supports the theory that the choroid plexus drives the cerebrospinal fluid motion. 
Introduction
The cerebrospinal fluid (CSF) is a clear fluid that surrounds the central nervous system, but is also contained in the ventricles, hollow compartments within the brain. Several severe and potentially fatal diseases, such as hydrocephalus, normal pressure hydrocephalus or meningitis, are closely connected to the CSF, the most prominent being hydrocephalus. Many different aspects of the flow of the CSF have been investigated in the past w17x. Still, not all mechanisms are fully understood. Modeling the behavior of the CSF is motivated by the need for a comparably simple description of the system. This description can be studied better or even virtually manipulated without the need of a human or animal experiment. The attained knowledge could then be used to further improve diagnostics and treatment of the abovementioned diseases.
In the vast variety of modeling approaches, there has been much debate about how the motion of the CSF is driven. It has been generally accepted (since the work described by Adolph et al. w1x and the references mentioned in this section) that the motion of the CSF is driven indirectly by the pulsatile pressure of the cranial arteries. Modeling this energy transfer is challenging. First, there is no obvious causal chain or ordered sequence of events. Secondly, access to the energy transfer via measurements is difficult. The motions of the brain tissue, ventricle walls, choroid plexus, etc., are very small and difficult to measure, even with state-of-the-art magnetic resonance imaging (MRI) methods.
There are three main hypotheses explaining the driving force of the (pulsatile) CSF flow. One of the early attempts at explaining the propulsion is presented in w7x, where a ''thalamic pump'' is proposed as the origin of the CSF motion. Based on observations of CSF motion, Boulay concludes that the driving force consists of the two thalami squeezing together the third ventricle and thus pumping the CSF.
Other publications w4, 15, 18, 31, 37x claim that the CSF flow is pumped by the oscillating motion of the brain or directly by the displacement of the ventricular walls. This very motion of either tissue must be driven by intracranial arteries, both of which suggest that the driving force originates in the intracranial arteries. Brain motion is usually measured via MRI techniques.
The third hypothesis suggests that the CSF is driven by a pulsating choroid plexus w6, 12, 32, 43x. This hypothesis is supported by the fact that the choroid plexus is highly vascularized.
Current modeling approaches
CSF dynamics research can be categorized mainly into three different approaches, namely in vitro experiments, in vivo measurements, and in vivo measurements combined with mathematical modeling. The research described in this paper is based on the latter approach. The presented mathematical model, which is based on established modeling approaches including a new extension, proves to reproduce the measurement results.
Mathematical modeling approaches
An appropriate mathematical model of the CSF dynamics is essential for the understanding of the physiology and the pathology of the CSF. For a better understanding of the proposed model, a number of representative models of the great number of approaches published w46x are reviewed. The order of the different categories is not chronological.
A lumped (one compartment for all ventricles) stationary model was introduced by Guinane w19x and Rekate w38x. This represents the simplest approach. With this stationary model type, only the net flow of the CSF and stationary pressure phenomena can be captured.
Many new aspects can be studied by adding pulsatility to lumped models, including pressure variations within the cardiac cycle w2- 4, 11, 12, 14, 24, 29, 34, 35, 37, 43, 44, 48x . A tabular format review of many intracranial pressure dynamic models can be found in w46x. The different (temporal) pressure wave phenomena are well explicable. Spatial pressure waves or pulse waves are omitted completely in all lumped-parameter modeling approaches because of the extremely short wave travel times, which are many orders of magnitude smaller than the time constants of the relevant dynamics.
Further refinement of these models by introducing one compartment for each ventricle leads to multi-compartment lumped models w32x. These models can capture the transient fluid exchanges between the ventricles, particularly through the aqueduct of Sylvius or the foramina of Monro.
Computational fluid dynamic (CFD) models w9, 22, 23, 27, 28, 33x, on the other hand, resolve the equations of motion spatially within each ventricle. These models introduce new possibilities for studying the flow phenomena resolved spatially and for looking at transport or mixing phenomena, which was impossible with the other models mentioned. The disadvantage of CFD models is their very high computational burden.
In vitro experiments
A completely different approach is based on in vitro experiments of CSF motions w39, 47x. This approach attempts to replicate the CSF dynamics in a suitable phantom which is more accessible to measurements than in a living human being. This approach clearly offers the possibility of using different and often more accurate measuring techniques. The model presented in w39x, for instance, allows access to the fully three-dimensional, time-resolved flow within the third ventricle, using particle-tracking velocimetry with a spatial resolution that is superior to that of current MR velocimetry.
In vivo measurements
Ventriculostomy, radionuclide cisternography and MRI can be used for determining CSF flow. To date, MRI, which is non-invasive, has been the method of choice. Phase-contrast MRI w10x is preferably used for the detection of laminar flow which can be assessed in a tube, such as the aqueduct of Sylvius. To our knowledge, there are only few published results w5, 13, 21x of flow measurements in the foramina of Monro, in contrast to the aqueduct of Sylvius, for which many results are published, e.g. w36, 40, 45x. One reason clearly is the more complicated geometry of the former method. Wagshul et al. w45x have analyzed the flow phase for the prepontine cistern, the aqueduct of Sylvius, and the spinal canal at C-2 level.
In this paper, flow measurements in the foramina of Monro are presented, with results that are different from those published in w13x. The flow measurement data are analyzed together with data obtained from the aqueduct of Sylvius, and the phase difference between these two flows is computed. Data are presented for several volunteers.
Materials and methods

Data acquisition
The CSF flow data presented in this paper was collected with a clinical MRI scanner (1.5 T Achieva MRI system, Philips Healthcare, Best, The Netherlands) from seven healthy volunteers. A balanced fast field echo (FFE) survey scan was used to identify the three regions of interest. For each of the three regions, i.e., the aqueduct, the right, and the left foramen of Monro, a multiplanar reformation was performed to plan the phase-contrast through-plane measurements. All areas of interest were scanned with the same settings, except for different encoding velocities. Using a view field of 80 mm=80 mm and a slice thickness of 2 mm, a scan resolution of 200=200 leads to a voxel size of 0.4 mm= 0.4 mm=2 mm. A reconstruction matrix of 224=224 achieved by zero-filling of the 200=200 scan matrix before Fourier transformation into the image domain results in pixels in the image domain representing 0.36 mm=0.36 mm of the measured subject. During each cardiac cycle, data on 30 heart phases were acquired. Retrospective cardiac gating was used to ensure an equally spaced coverage of the whole cardiac cycle. A T1-weighted FFE readout with an echo time of 3.8 ms was applied. The acquisition was synchronized retrospectively via a vector ECG trigger on the R-peak. The matrix acquisition was segmented and measured in multiple cardiac cycles. The encoding velocities for the foramina of Monro were 5 cm/s and those for the aqueduct of Sylvius were 15 cm/s. Phase wraps were corrected prior to further processing. Depending on the volunteer's heart rate, the flow acquisition for each region of interest lasted approximately 15 min. Measurements were repeated on different days with the same volunteers for addressing reproducibility issues. One measurement (set 11) was acquired on a different scanner (3T Achieva MRI system, Philips Healthcare). Basic information on the volunteers is given in Table 1 .
Post-processing
The cross-sections of the foramina of Monro and the aqueduct of Sylvius have to be defined for each volunteer individually. The applied semi-automatic segmentation scheme is based on the assumption that the power of the desired flow velocity signal is concentrated in the lower frequencies, while the power of the noise is more evenly distributed over the frequency spectrum. In detail, first a temporal Fourier low-pass filter was applied to the measured velocity data, followed by the computation of the variance in time for each voxel reflecting the voxelbased amount of temporal flow variation. A threshold to separate the flow areas, corresponding to CSF, from noflow areas, which correspond to static tissue, is chosen beforehand for all sets.
The flow in the aqueduct of Sylvius is compared to the flows in the foramina of Monro in terms of phase differences. Therefore, the two distinct flows of the two foramina are added and then taken as one volume flow. The phase difference is computed with a high resolution cross-correlation scheme w8x. The cross-correlation is a measure of similarity of two waveforms as a function of a time-lag applied to one of them. First, the flow signal is up-sampled, which yields more points, and an increased resolution of the cross-correlation scheme. Second, the cross-correlation function itself is interpolated. To test the cross-correlation scheme, the average of the absolute error over various phase shifts is computed using a Monte Carlo simulation. The bases of this analysis are two synthetic sinusoidal flow signals which are deteriorated with a varying fraction of white noise.
Mathematical model
The presented model is a lumped parameter model with one cavity for every ventricle. Every ventricle has a compliance with an elastic and dampening part. It is similar to the model proposed by Linninger et al. w32x . Additionally, the model is based on the assumption that choroid plexus is distributed in the lateral and in the third ventricles. The extension made to that assumption is that the distribution of choroid plexus between the third and the lateral ventricles may differ among subjects.
A mechanical analog of the mathematical modeling approach is shown in Figure 1 . This model leads to the causality diagram shown in Figure 2 . The underlying equations are those of the mass conservation of incompressible fluids, yielding:
.
The pressure is computed as follows: is the volume of the corresponding ventricle. The damping force is assumed to be proportional to the rate of the volume change, and hence inhibiting fast volume changes. The propulsion by the choroid plexus is modeled as a volume displacement inside the respective ventricles. The varying area of the choroid plexus directly changes the displaced volume since the deviation is assumed to be constant and the volume displacement is modeled as a piston action. The parameters used in the simulation are: total volume of all ventricless20 ml w25x, the relative fraction of volume for each ventricle are 0.864 for the lateral ventricles, 0.0635 for the third ventricle, and 0.0741 for the fourth ventricle. These values are based on the weight of a cast of a human ventricular system. The stiffness of the lateral ventricle is set to 5.53 ml/mm Hg w16x and 2.76 ml/mm Hg for the third and the fourth ventricle.
Results
Flow measurements
In Figure 3 , the spectrum of the flow in the aqueduct of Sylvius is shown. Results of the semi-automatic segmentation are shown in Figure 4 . In Figure 5 , the timeresolved volume flow rates in the aqueduct of Sylvius and the foramina of Monro are shown for a healthy volunteer (set 11). As expected, the flow rates in all ducts are of the same order of magnitude. A slight difference between Table 1 for details on the subjects. Subject 6 was excluded; the subject moved during acquisition. The acquisition is triggered on the R-peak; 30 acquisition frames per period; one time unit corresponds to one acquisition frame. Volume flow is in mm the left and right foramen is visible, which is due to the anatomical asymmetry of the specific volunteer (set 11). The peak velocity in the left foramen is 5.2 cm/s and 5.0 cm/s in the right foramen. These values are significantly lower than the corresponding values of the velocity in the aqueduct in the same volunteer, which are 10.3 cm/s. A positive flow in the aqueduct of Sylvius corresponds to a flow into the third ventricle, while a positive flow in the foramina of Monro corresponds to a flow out of the third ventricle into the lateral ventricles. Figure 6 shows flow data of all measurement sets.
Phase differences
In Figure 7 , the cross-correlation scheme is tested with varying fractions of noise and various numbers of samples per period. As shown in Figure 8 , the relation between the error and the number of samples per period is inversely proportional to the square root:
, as expected.
The flow in the aqueduct of Sylvius is compared to the flows in the foramina of Monro in terms of phase differences. Therefore, the two distinct flows of the two foramina are added and then taken as one volume flow. Computed phase differences are presented in Table 1 and in Figure 9 . A positive value indicates that the flow in the aqueduct of Sylvius is ahead of the flow in the foramina of Monro. Although the phase differences are all rather small, with 5% of a period corresponding to a time lag of 50 ms (at a heart rate of 60 bpm), the values of the phase differences among the volunteers vary significantly. The sign of the phase differences varies as well among the volunteers. In other words, in some volunteers, the foraminal flow is ''ahead'' of the aqueductal flow (negative phase difference), whereas in other volunteers the opposite is true. Repeated measurements, with an average of more than 1 month's time in-between, Figure 8 Cross-correlation error in function of the available data points per period. The error is inversely proportional to the square root of the number of data points. The error plotted is calculated using a synthetic function with a fraction of noise of 0.145; the fitted function is 0.0963 errs .
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Figure 9
Phase differences of the subjects. See also Table 1 for details on the subjects. showed that the phase difference is a subject-specific characteristic.
Mathematical model
The model presented here can reproduce the varying phase differences measured, as shown in Figure 9 . Although the inter-volunteer differences of choroid plexus distribution are not tremendous w30x, they are sufficient for explaining the phase differences described above since a shift in the distribution as small as 5% is sufficient to reproduce the typical inter-volunteer differences in the flow phase shift. As Figure 10 shows, the model with the extension of varying choroid plexus areas is able to perfectly reproduce the phase shifts measured. To reproduce the measured phase differences, the distribution of choroid plexus between the two ventricles is only changed slightly.
Discussion
Flow measurements
Only few references on measurements in the foramina of Monro are known to the authors w5, 13, 21x. In w13x, which reports measurement data of several healthy volunteers, the peak mean velocity is reported to be in the order of 4 mm/s. The difference of one order of magnitude between the results shown in w13x and the results presented here may be explained by the very different measurement parameters, the major difference being the slice thickness. In w13x, a slice thickness of 10 mm was used vs. one of 2 mm in our setting. Enzmann and Pelc w13x state that the thickness of the slice leads to partial volume effects since the actual dimension in the anatomy is significantly smaller than their slice thickness. Thus, smaller velocities of surrounding tissue or CSF lead to an underestimation of the actual velocities. These partial volume effects obviously also occur in the measurement plane. This can be observed well in the segmentation of the foramen of Monro in Figure 4 since there is no sharp border between the voxels which would represent the ventricle wall. Some voxels partially represent information on the CSF as well as of the surrounding tissue.
A major factor for attaining repeatable measurements is to design a procedure which is as automatic as possible. The way this is ensured is that only the placement of the measurement planes for the flow measurements are set manually. Due to the plain geometry of the aqueduct of Sylvius, placement is not critical. The direction of the aqueduct is clearly visible on conventional MRI scan protocols, whereas the placement in cranio-caudal direction is of minor importance since the cross-section remains virtually constant over a fair distance. Nevertheless, the placement of the foraminal measurement planes is more relevant. With the aid of a multiplanar reformation of the survey scan, the position and orientation can be very well anticipated, and hence leading to a consistent placement of the measurement plane. The segmentation is semi-automated in order to reduce the possibility of human error and to reach a reproducibility which is superior to segmentation by hand. This semi-automated segmentation is feasible due to the difference in frequency and amplitude of the flow signal and the noise, see Figure  3 .
As described, defining the position of the ventricle walls within the measurement slice, as well as the other steps, do not require any manual adjustment. Repeated measurements were taken with the same volunteer to examine the repeatability. On average, more than 1 month elapsed between the MR scans. Set 11 was even taken on a different scanner (3T Achieva MRI system, Philips Healthcare) to test for independence. The good agreement among the repeated measurement results is shown in Figure 9 .
Phase differences
Applying cross-correlation on the flow data with no further post-processing, the minimal detectable phase shift would be the length of one sample time ,
where T Heartbeat is the time for one cardiac cycle and N acq is the number of acquired frames per cardiac cycle. With phase differences expected to be smaller than 0.05 T Heartbeat , the number of acquisitions per period should be significantly higher than 20. Currently, the time needed for the readout clearly sets limits to increasing this number. Two different interpolations were used for upsampling in the time domain. The interpolation of the measured signal is applicable under the assumption that the time evolution of the flow signal is continuous compared to the sample time. Figure 5 shows that this condition is clearly fulfilled. The resulting high resolution cross-correlation scheme is capable of resolving very small time differences between two functions.
Integrating the flow over the whole cross-section further improves the signal-to-noise ratio of the flow signal. Partial volume effects are of minor importance for calculating the phase differences. The surrounding tissue can be assumed to be static compared to the flow since the amplitudes are in the order of 0.1 mm w42x. The tissue velocities thus can be assumed to be smaller than 1 mm/s. Therefore, even if the movement of the tissue was out of phase compared to the fluid flow, the effect would only be a slightly incorrect value for the magnitude of the volume flow. The phase information would not be affected at all.
The dependence of the signal-to-noise ratio on the number of acquisitions of the MRI scan w20x or the inverse noise-to-signal ratio is proportional to y err; N acq the square root of the number of acquisitions. As the overall error is a product of these two steps involved, the square root of the number of frames per cardiac cycle cancels out. This leads to an error which is independent of the choice of measurement parameters, which are the number of samples per period vs. a better signal-to-noise ratio. The lower limit is given by the Nyquist-Shannon sampling theorem and aliasing considerations (fulfilled, see Figure 3 ). The upper limit is set by the MRI scan readout time.
Since the phase differences are expected to be very small, a rigorous effort is made to ensure that the resulting values are not affected significantly by noise or general measurement errors. As a measure of the quality of the overall measurement procedure including postprocessing, repeatability is chosen.
It is important to note that set 9 (subject 6) is considered invalid and had to be excluded. The volunteer moved his head during the examination, leading to an insufficient signal-to-noise ratio or a merely recognizable signal.
Mathematical model
The pressure-volume relationship is chosen to be linear. This assumption could easily be relaxed to a non-linear relationship, which would only introduce a function E ventr. (volume) w11, 41x instead of the constant E ventr. . Since such an expansion would not change the main results of this paper, the assumption of a linear relation is sufficient. This statement is based on the fact that the general structure of the model would remain the same and the phase differences presented are not only reproducible with the chosen parameters but also with different values. Furthermore, in the pressure range of a healthy volunteer, the non-linearity effect is negligibly small. The model presented in this paper focuses on transient and pulsatile effects and can thus reasonably neglect the steady-state production.
The expansion of the choroid plexus is modeled simultaneously for the lateral ventricles and the third ventricle. This simplification, which is based on the relatively high pulse wave speed in the arteries in the order of 5 m/s w26x, yields only small time delays. It is assumed that this velocity and the corresponding spatial distance remain relatively constant among the volunteers, which corresponds to very small inter-volunteer variability of this parameter. The propulsion by the choroid plexus is modeled as a volume displacement inside the respective ventricles. A volume displacement is chosen since the arterial pressure is distinctively higher than the average counteracting intracranial pressure.
Other mathematical models
Different models and their hypotheses on the cause of the pulsatile motion are discussed in the following section with regard to the flow phase difference variations measured between the foramina of Monro and the aqueduct of Sylvius.
A rigid wall model, such as most CFD models w9, 22, 23, 27, 28, 33x (the first includes a feet-head motion of the walls, but not in other directions) cannot reproduce any type of phase differences, under the very reasonable premise of an incompressible fluid. With an incompressible fluid, a phase difference between the volume flows imposes a change of the volume of the third ventricle during the cardiac cycle. The focus of these models is rather on transport phenomena, where spatially resolved flow information is crucial.
Likewise, models which have only one compartment w2- 4, 11, 12, 14, 24, 29, 34, 35, 37, 43, 44, 48x for all ventricles naturally are not able to show such phase Figure 11 Sketch of how the cerebrospinal fluid may be driven by brain motion to explain the phase differences. To achieve the change in phase differences with the brain motion, the main arteries would have to lie in a different direction for every volunteer (A vs. B) such that the pressure pulse wave in the artery would hit different ventricles first. See ''Modeling of the driving forces'' section for an explanation why this is considered infeasible.
differences. But these models stand out with their simplicity.
Multi-compartment lumped-parameter models (more than one compartment for all the ventricles), such as the model presented in w32x, on the other hand, are theoretically capable of predicting phase differences. The crucial part in these multi-compartment models is the modeling of the propulsion of the CSF. The different approaches to modeling the propulsion are discussed in terms of their capability of predicting the phase differences.
The multi-compartment in vitro model presented in w39x clearly shows a phase difference. Compared to our measurement results, the phase difference is overestimated by the in vitro model. Assuming an incompressible fluid, this leads to the conclusion that the volumetric stiffness, often referred to as the inverse of the compliance, was too low in this in vitro model.
Nonetheless, for an exact application of the continuity equation, a summation of all volume flows at every time instance would be necessary. Under the assumption of non-varying cross-sections of the aqueduct of Sylvius and the foramina of Monro, each phase difference in the flows implies a volume change.
Modeling of the driving forces
Using a ''thalamic pump'' model w7x, the squeezing of the third ventricle would lead to almost concurrent flows out of the third ventricle into the lateral and in the fourth ventricle, in other words causing a phase difference in the order of p. This clearly contradicts our measurement results, which showed almost synchronous flows.
Therefore, we do not see a way to modify this pump mechanism such that it would be able to reproduce our measurement results.
For the hypothesis of the brain motion w4, 15, 18, 31, 37x as the driving force, there are two possibilities of reproducing the measured phase differences with these models. A drastic inter-volunteer difference in the ratio of the compliances between the third and lateral ventricles is one. The other would be an inter-volunteer difference in the anatomical placement of the intracranial arteries, leading to a phase difference in the driving motion itself. As sketched in Figure 11 , the traveling pulse wave in the arteries arrives earlier at one compartment. To switch the order of arrival, the orientation of the main arteries would have to be different. Since neither of these possibilities seems very likely for a variation in healthy volunteers, the phase differences described above are not considered to be explained satisfactorily by this hypothesis.
Conclusion
With measurements of the volume flow in the foramina of Monro and the aqueduct of Sylvius in several volunteers, we have shown that the magnitude of the volume flow in the foramina of Monro and the aqueduct of Sylvius are of the same order of magnitude. Peak velocities in the foramina of Monro are smaller than in the aqueduct of Sylvius.
The phase difference between the flows of the aqueduct of Sylvius and the foramina of Monro shows a significant inter-subject variability. The presented mathematical model with a propulsion by the choroid plexus is capable of explaining the phase shifts and their variances. Therefore, the measurement results confirm the validity of the model of the propulsion of the CSF via the choroid plexus.
